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Abstract

Osteoarthritic and bone degenerative diseases are expected to grow immensely as the
aging population, 65 years and older increases. Orthopedic implants are one sub-class of medical
devices that are used to treat bone breaks and fractures. Traditionally, internal fixation implants
are manufactured using titanium or stainless steel. Magnesium, a bioresorbable and
biodegradable material, has been proposed as an alternative to titanium and stainless steel. The
goal of this research is to control the degradation behavior of magnesium implants by developing
crystallized thin poly(lactic acid) copolymer films as protective coatings. To do this, this work
was divided into two aims. Aim I focused on characterizing the crystallization and degradation
behavior of the films. Aim II focused on investigating the adhesion behavior of MC3T3 cells to
ultrathin films. PLGA films ranging from 50nm to 200nm were prepared by spin casting and
were either isothermal annealed to obtain crystallization or thermally erased to remove sample
history. To test for degradation, films were immersed in simulated body fluid at 37°C and their
dry mass was measured weekly. The glass transition, melt temperature, and thermal expansion
coefficient was determined by ellipsometry on a heating stage. The surface morphology of the
films was evaluated using atomic force microscopy. The adhesion strength was measured using
the spinning disk apparatus. For 200nm films, the glass transition temperature on cooling was
59°C. The degree of crystallization increased with longer annealing times and the films reached
maximum crystallinity by five days. The degree of crystallization raised the thin film melt
temperature by 6°C, but the glass transition temperature remained unaffected by crystallization.

viii

Crystallized films eroded three times slower than thermally erased films, indicating that
crystallization can tune the degradation rate of PLGA thin films. Lastly, the adhesion strength of
MC3T3 cells increased by 1.5 times when hydroxyapatite was incorporated into the films.
Future work should include degradation testing of magnesium coated with crystallized
hydroxyapatite-PLGA films.
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Chapter 1: Introduction

1.1 Project Motivation and Significance
By 2060, it is expected that the number of Americans 65 and older will double and make
up 23.4% of the total population [1]. The aging population, ages 65 and over are at higher risk
for bone diseases and arthritic damages. The decrease in bone mineral and loss of bone density
results in higher frequency of fractures, breaks and osteoporosis associated with aging [2, 3]. As
a result of a fracture, the bone becomes less capable to bear weight, is under greater strain due to
the fracture gap and the area is more susceptible to infection, bleeding, and hypoxia because the
vascular system of the bone becomes disrupted and exposed. The body’s natural response to
fracture healing is to restore hemostasis by stimulating cytokines and producing platelets and
fibrin using the coagulation cascade. Afterwards, tissue regeneration is stimulated as necrotic
tissue is removed [4, 5].

In addition to the deliberating effects of osteoporosis on bone health, it is also important
to consider the contribution of environmental factors to the prevalence of fractures. The energy
that is generated from one fall is enough to severely damage various bones in the body, such as
in the wrist, ankle, and fingers. 80% of fractures are attributed to falling [6]. There are several
factors to consider that can result in a fall. For example, fluctuations in blood pressure,
weakening of muscle, motor, and balance skills, an unbalanced diet, and mental health diagnosis
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make elderly patients more vulnerable to falls. Additionally, footwear, prescribed medication and
reduced grip strength can all result in a fall [7].

Globally, 40% of the population are exposed to a lifetime risk of fractures and every three
seconds fractures occur [8]. As a result, surgery costs and surgery recovery time have a tendency
of being high and long. The average hospitalization cost for an elderly patient who has an
orthopedic surgery is $20,000 [9]. Considering the total aging population, the percentage of risk
of fractures and hospital costs, the total cost of healthcare for orthopedic surgeries could be
projected to be close to $3 trillion by 2060. From 2008 to 2025, the United States GDP for
national health care spending costs is expected to increase by more than 50%, while 5% of the
GDP will be spent on treatment of musculoskeletal diseases [10, 11]. It is also important to
consider that the productivity losses due to surgery and recovery from orthopedic procedures are
high and can be greater than the overall costs of the surgery [12]. Additionally, 1.2 to 2% of
surgeries are from infections from the implantation site or from the surgery, and as a result these
infections can triple the costs of hospitalization, rehabilitation, and recovery time [13, 14].

Current technology for treating ortho-related diseases has traditionally been limited to
titanium and stainless steel for implants. The gap for bone compatible materials can be filled by
magnesium because magnesium is a mineral naturally found in the body, biodegradable, and
bioresorbable [15]. However, the shortcoming of magnesium is that it corrodes rapidly upon
exposure to water. Therefore, this dissertation seeks to provide a solution to the rapid
degradation of magnesium by utilizing biodegradable polylactic acid copolymers as protective
coatings.
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1.2 Project Objective and Research Aims
The objective of this dissertation was to develop and investigate the potential of thin
polylactic acid copolymers as surface coatings for bioresorable implants. We hypothesized that
crystallizable thin films can control degradation and improve osteoblast adhesion at the
implantation site. To test this hypothesis, this dissertation was divided into three aims: Aim I,
Aim II, and Aim III.

1.2.1 Aim I
The purpose of aim I was to characterize the crystallization and degradation behavior of
poly(lactic-co-glycolic acid), PLGA, thin films. PLGA films were prepared between 50nm to
200nm using spin casting on silicon wafers. The percent crystallization in the films was varied
and controlled by isothermal annealing between 10 minutes and five days. Characterization of
the film thickness and crystallization behavior was performed by ellipsometry, grazing incidence
x-ray diffraction and atomic force microscopy. Additionally, by performing a heating and
cooling scan, the melt temperature, thermal expansion coefficient, and the glass transition
temperature on heating and cooling was determined.

To better understand how thin films deviate from their bulk counterparts, bulk PLGA was
investigated following similar experimental conditions of thin films. Bulk PLGA was thermally
erased to remove sample history and isothermally annealed for six hours and up to seven days.
The glass transition temperatures and the melt temperatures were evaluated using differential
scanning calorimetry. The results of the bulk studies were compared to the results of the thin film
experiments.
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1.2.2 Aim III
To investigate the degradation behavior of crystallized and thermally erased PLGA,
200nm films were incubated at 37°C in simulated body fluid. The changes in the dry thickness
and refractive index were measured weekly using ellipsometry. The surface morphology of
crystallized films and thermally erased films were evaluated using atomic force microscopy at
the beginning and end of the degradation studies.

1.2.3 Aim II
The purpose of aim II was to investigate the role of crystallization and hydroxyapatite in
thin PLGA films in improving the adhesion strength of osteoblast cells. Hydroxyapatite
nanopowder was incorporated into the polymer solution and sonicated to ensure dispersion of the
hydroxyapatite nanoparticles in the polymer. Hydroxyapatite-PLGA films were prepared at
200nm film thicknesses using spin casting. The hydroxyapatite-PLGA films were crystallized by
isothermal annealing at 100°C or thermally erased at 150°C.

MC3T3 cells were cultured in an Alpha-MEM growth media containing fetal bovine
serum, and penicillin/streptomycin in a 37°C incubator with 5% CO2. Cells were passaged at
confluency and then passaged onto 25mm circular glass coverslips. To prevent the growth of
bacteria, coverslips were disinfected with a bleach and water solution and the medium was
changed regularly. Cells were adhered onto the surfaces of the hydroxyapatite films for 24 hours
prior to adhesion strength testing.
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The adhesion strength of MC3T3 cells were evaluated by using the spinning disk
apparatus in dextrose spinning buffer. Cells were spun at speeds as high as 5000 rpm. Cells were
fixed and stained using a formaldehyde, triton x-100, and an ethidium homodimer dye. The
adherent cell fraction was counted by using fluorescent microscopy and SigmaPlot. The surface
roughness and morphology of the hydroxyapatite films were analyzed using atomic force
microscopy.
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Chapter 2: Background

Over the past several decades, there have been major improvements in the materials used
for implantable orthopedic devices. There are different classes of orthopedic devices, for
example, there are internal fixation devices and devices used in total replacement procedures.
The primary focus of this dissertation concerns the use of internal fixation devices, such as
screws, plates, and pins that are used to hold the bone in place for a short period of time until the
bone heals or until the implant is removed. Internal fixation devices are commonly used in
fractures, brakes, and temporary adjustments of the bone. The main advantage of internal
fixation devices is that they are not permanent. In several cases, following healing of an injury,
most patients are left with the screw, plates or pins inside their body even though they are no
longer needed. Alternatively, the orthopedic specialist and the patient may proceed with a
secondary surgery to remove the fixation devices. A secondary surgery usually results in more
costs, recovery time and loss of work and employment for a period of time. Resorbable implants
can provide an alternative solution to secondary surgeries and unremoved internal fixation
devices.

Resorbable implants are made of materials that can be naturally resorbed by the body. An
example of a resorbable material is magnesium. Magnesium is a naturally occurring mineral in
the body. Magnesium serves a very important function to preventing osteoporosis by increasing
the bone mineral density and is used in the formation of bone. In addition to its bone aiding
6

processes, magnesium also helps to regulate blood pressure and sugar, nerve and muscle
function, and is used in energy production. Also, 65% of magnesium is located in the bone [1618]. The absorption pathway of magnesium in the body is transportation as an ion into the small
intestine. Here, magnesium is either transported via the paracellular mechanism by solvent drag
or the electrochemical gradient or by TRPM, transient receptor potential channel melastatin
member via the transcellular pathway and excreted by the kidneys or stored in bone [17, 18].

Given the current information and knowledge base, magnesium presents itself as a strong
candidate as a resorbable internal fixation device material on the basis that its degradation rate
can be controlled. To optimize its functionality, it is paramount for the magnesium degradation
rate to match the bone healing rate. In this way, there can be a controlled release of magnesium
into the body, absorbed by the intestine and stored in the bone. As the storage of magnesium
increases in the body upon implant degradation, it could help stimulate bone regeneration to
compensate for the loss of bone from fractures or breaks. Matching of the degradation and
healing rate is also essential to ensure that the bone has completely healed before the internal
fixation device dissolves. Lastly, because magnesium is a naturally occurring mineral, the byproducts of degradation and resorption could be considered biocompatible and unharmful to the
body. In contrast to traditional materials like titanium, cobalt, or stainless steel, the human body
already has systems and pathways in place to handle the transport of magnesium as discussed
earlier.
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There are several factors that affect the performance of biomedical implantable materials
in the human body. These factors generally include, mechanical strength, corrosion rate,
biodegradability, biocompatibility, stress shielding, and Young’s modulus. Orthopedic implants
are generally made from titanium, stainless steel, cobalt, and more recently polymers. Given the
long history of metallic implants, it is crucial for the purposes of this discourse to make a
comparative analysis concerning the overall performance of some of these materials in
comparison to magnesium and bone.

Although, titanium, stainless steel, cobalt, and magnesium are considered biocompatible,
only magnesium is considered as a biodegradable metal. As such, compared to other metals,
magnesium is one of the few metals that is bioresorbable [19]. The shortcoming of titanium and
stainless steel and its alloys is that as it degrades the metallic particles can be considered toxic or
allergic and can lead to increase inflammation of the injury site or biofilm formation [15].
Magnesium also has the lowest density, Young’s Modulus, stress-shielding effect against other
metals when compared to bone [20]. The Young’s Modulus of magnesium is 41 GPa and its
density is 1.74 g/cm3. Bone has a density and Young’s Modulus of 2 g/cm3 and 23 GPa,
respectively. Titanium has a density and Young’s Modulus of 4.4 g/cm3 and 114 GPa,
respectively. Stainless steel has a density of 8.1 g/cm3 and a Young’s Modulus of 205 GPa [15,
21-23]. Magnesium possess several advantages as a resorbable internal fixation device, however,
the greatest limitation of magnesium still persists – its rapid degradation rate.
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One method to overcome the shortcoming of the rapid degradation of magnesium is by
using polylactic acid copolymers as surface coatings on the magnesium implants. Polylactic acid
can help to tune the degradation of magnesium, by acting as the first degradable layer of the
implant and as a barrier to water penetration to magnesium, while also participating in drug
delivery. Poly(lactic-co-glycolic acid) is also advantageous because it is biodegradable,
biocompatible, and FDA approved and can be readily available in the medical device industry
[24]. PLGA and PLA are a class of semi-crystalline hydrophobic polymers that can be
synthesized by azeotropic dehydration condensation, ring opening polymerization, and
polycondensation [25-27]. PLGA exists stereochemically with either D or L enantiomers,
containing glycolic acid and lactic acid units [28, 29]. Polylactic acid and its copolymers are
generally characterized by their glass transition temperature, melt temperature, Young’s
Modulus, and tensile strength. The glass transition temperature of bulk PLA ranges between
43°C-80°C and the melt temperature ranges between 120°C-190°C [30-33]. Several factors can
affect their thermal and mechanical properties, such as the degree of crystallization, copolymer
ratio, and the molecular weight. Bigg reports that increasing the copolymer ratio from 80/20 (L/D,L) PLA to pure PLA raised the glass transition temperature by 7°C and increased the melt
temperature by up to 53°C [34].

Polylactic acid is most commonly synthesized using polycondensation or ring-opening
polymerization. Polycondensation involves the removal of water using high temperatures and
vacuum, polycondensation of the oligomer groups, and melt or solution condensation of the
polymer. The end result of polycondensation is polymers that have low-to-medium molecular
weights. Chain extenders or esterification-promoting agents can be used to increase the
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molecular weight via the polycondensation method [35, 36]. Ring-opening polymerization
involves using a catalyst for ring opening of the lactide group (lactic acid cyclic dimer). Ringopening involves process steps that include polycondensation, depolymerization, and ring
opening polymerization. Polymers produced by ring-opening polymerization have greater purity
and high molecular weights. In the case for PLGA, PLGA is synthesized by co-polymerization of
the cyclic dimers of lactide (lactic acid) and glycolide (glycolic acid) using ring opening
polymerization. PLGA is formed through ester bonds linkages under the presence of a catalyst,
such as stannous octoate or stannous chloride [37, 38].

PLGA has found use in a variety of biomedical applications. PLGA has been studied
extensively for their use in drug delivery, vaccine therapy, vasculogenesis, and nerve and tissue
regeneration applications, and even as dissolvable stents [39-46]. PLGA can be designed to
contain hydrophobic or hydrophilic molecules and have optimal release times that match the
degradation rate of the polymer. As a drug delivery carrier, PLGA can encapsulate a product,
ions, or chemical and release the drug over time. Lin et al. developed a PLGA microsphere
system to control the release of magnesium oxide nanoparticles [47]. In an eight week period,
there was a 60% increase in the percentage of new bone volume from the PLGA-magnesium
oxide-alginate core-shell microspheres (compared to the sham control), which suggests that
PLGA microspheres are effective in promoting bone regeneration by releasing of magnesium
ions [47]. One of the risks of implantation surgery is the formation of a bacterial biofilm layer
around the implant site that can result in infections. Incorporation of cinnamaldehyde, an
essential oil, into a thin PLGA film resulted in the inhibition and reduction of E. coli and S.
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aureus formation [48]. Not only can PLGA thin films be used as drug delivery vesicles but they
can also be used in controlling the spread of infection at the surgical implantation site.

There have been several works that have investigated the capability and involvement of
polymer coatings in the reduction of the degradation rate of magnesium alloys [49-55].
Lakalayeh et al. demonstrated that when WE43 magnesium alloy was coated with both PLGA
and PLA coatings, the corrosion resistance was higher than the bare magnesium, the intensity of
resistance was reduced by half (compared to bare magnesium), and the HUVEC cell viability
was maintained at 70% and higher within two days, while the cell viability on bare magnesium
was 10% or less [56]. In another study by Li et al., Mg-6Zn magnesium alloy coated with 2%
and 4% PLGA maintained close to 0 mg/cm2 weight loss, while bare Mg-6Zn lost about 20
mg/cm2 in the first 20 days of degradation in a NaCl solution, and the degradation rate was at
least 200 times faster for uncoated magnesium [57]. These studies demonstrate that PLGA has
the potential to serve as effective coatings on magnesium alloys, while promoting cell viability
by modification of the PLGA thickness. However, more work should be conducted and is the
focus of the present dissertation to evaluate the role of crystallization in ultrathin films to tune
degradation properties of PLGA.
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Chapter 3: Tuning the Crystallization Behavior of Thin Poly(D,L-lactic acid) Copolymers

3.1 Introduction
Orthopedic implants, such as rods, screws, and plates are commonly made out of titanium
or stainless steel alloys. More recently, polymers, such as polylactic acid (PLA) and poly(lacticco-glyolic acid) (PLGA), have become more widespread as alternative materials for implantable
devices. Some of the key advantages of using polylactic acid and PLGA are that these materials
are biocompatible and biodegradable [58], [59]. In tissue engineering, surface coatings can help
to extend the longevity of the implants by providing an additional layer of protection from the
harsh environments of the body. Though widely studied as bulk or scaffolds, characterizing the
morphology and thermal behavior of thin polylactide films have become increasingly important.
Much work has been done to characterize the glass transition temperature of polymers, such as
polystyrene. However, more work is needed to characterize the glass transition temperature upon
heating and the melting behavior of polylactide copolymer films. Modification of the thin film
by crystallization and thickness can yield crystals of different orientations and morphologies,
which could affect the melt transition and the recrystallization process [60-63]. In a study by Fitz
et al., they observed that increases in the isothermal crystallization of poly(L-(-)-lactide) yielded
an increase in the glass transition temperature under unconstrained conditions. Although, under
partially constrained conditions, the glass transition temperature of PLLA reduced [64].
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Glass transition temperature is also known to be affected by film thickness and interfacial
interactions [65-68]. For ultrathin films, many have reported a sensitivity of the relaxation time
and the glass transition temperature to the cooling rate [69-76]. Moreover, during cooling there is
greater freedom for contraction of the film [77]. Tsui et al. reported that changes in the thermal
expansion coefficient in thin films occurred in a small window between the glass and liquid
regime [67]. Interactions between the polymer and the substrate are known to effect the glass
transition temperature, where increasing the thickness can led to a weaker dependence on the
polymer-substrate interaction [68]. In their study, Roth et al. demonstrated that regardless of the
addition of a polystyrene capping layer to tune the interactions of the poly(2-vinylpyridine) to a
silica substrate, the substrate interactions dominated in influencing the glass transition
temperature [78].

The unit structure of polymer chains in thin films can enhance the polymer-substrate
interaction and can thus reduce the mobility of the chain structure. Polymer mobility can be
improved by increasing the volume of the free surface and by the addition of chain groups on the
free surface [78-84]. Given the extensive amount of information available on the polymer
mobility dynamics on the glass transition temperature, more investigation is needed to
understand the impact of crystallization and polymer mobility on the melt, and glass transition
temperatures of polylactide copolymer films. The purpose of this chapter is to investigate the
effects of crystallization and thickness on the melt temperature, heating glass transition
temperature and the cooling glass transition temperature in thin poly(lactic-co-glycolic acid)
films and in the bulk. The influence of crystallization on the coefficient of thermal expansion
will also be discussed.
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3.2 Materials and Methods
Poly(D,L-co-glycolic acid) (85L/5D/10G), PLGA, was obtained from ConMed
Corporation [Mw:1259.34 kg/mol; Polydispersity: 1.955 determined using a polystyrene
standard] (figure 3.1). One sided polished silicon wafers were cleaned by plasma etching. Films
were prepared in chloroform and spin coated on plasma etched silicon wafers at a speed of 3000
rpm. After spin coating, samples were annealed at 100˚C for 24 hours and five days. The
thickness and index of refraction were characterized by ellipsometry.

Figure 3.1 The structure of 85L/5D/10G poly(D,L-lactic-co-glycolic acid)
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3.2.1 Ellipsometry
A home-built variable-angle rotating compensator ellipsometer was used at a fixed angle
of incidence. The ellipsometer used a He-Ne laser light source with a wavelength, λ, of 633nm.
Films were heated on a heating stage from 30˚C to 150˚C at a heating rate of 10˚C/min and
cooled from 150˚C to 30˚C at a cooling rate of about 10˚C/min, while psi and delta were
recorded simultaneously. Psi represents the amplitude ratio and delta is the phase difference. By
obtaining psi, Ψ and delta, Δ, experimentally, the index of refraction, N1, and the film thickness,
d, could be solved. The equations account for the air-film interface and the film-substrate
interface. ρ is the reflection ratio obtained from psi and delta, θ0 is the incident angle, and β is the
film phase thickness. The notation of 0 refers to the ambient environment, 1 refers to the film
and 2 refers to the substrate. The following Drude and Snell law equations were used to fit psi
and delta to obtain the film thickness and refractive index [77, 85].

=tanexpj∆

(3.1)

 = Rs/Rp

(3.2)

N0sinϴ0=N1sinϴ1=N2sinϴ2

(3.3)

β = 2π(d/λ)N1cosθ1

(3.4)
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Figure 3.2 displays the ellipsometry setup that was used to perform heating and cooling
scan measurements and dry thickness measurements. A heating stage made out of aluminum was
custom built to have heat cartridges and a thermocouple housed inside the stage. The
thermocouple was connected to the benchtop controller and to the Labview software on the
computer. The connection of the thermocouple to the computer allowed for continuous
measurements of the temperature with psi and delta. The films were placed upright on the
heating stage and were held in place with flathead screws and washers.

Figure 3.2 The ellipsometer setup for testing film thickness and refractive index
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3.2.2 Differential Scanning Calorimetry
Differential scanning calorimetry (DSC) was performed on bulk PLGA samples. The
DSC chamber contained an enclosed pan of the bulk PLGA and an empty reference pan. The
changes in heat flow were measured as a function of temperature. Bulk PLGA samples were
heated from 30˚C to 150˚C and cooled from 150˚C to 30˚C both at a heating and cooling rate of
10˚C/min. This was done to match the experimental setup in ellipsometry and to compare the
results of the glass transition and melt temperature between the thin film and the bulk state.
3.2.3 Grazing Incidence X-Ray Diffraction

Grazing Incidence X-ray diffraction (GIXRD) using a Panalytical X’Pert Pro
diffractometer was used to evaluate the crystal behavior of a thin film. The diffractometer was
set with an incident omega angle of one degree and a copper anode material with a CuKα of
1.54060 angstroms. The samples were scanned on a 2θ axis with a starting angle of 10˚ and an
ending angle of 30˚, a step size of 0.0200 [2θ˚]. Samples were annealed at 100˚C from 10
minutes to five days and compared to samples that were un-annealed.

3.2.4 Atomic Force Microscopy
The surface topography of films of 133nm thickness were characterized using atomic
force microscopy, AFM, on a heating stage. The 133nm films were initially annealed at 100˚C
for 24 hours, thermally erased using the AFM heating stage and then re-annealed at 100˚C for 24
hours. Afterwards, films were heated from 30˚C to 150˚C and cooled from 150˚C to 30˚C both at
a rate of 10˚C/min.
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3.3 Results and Discussion
To confirm the accuracy of the ellipsometry measurements, a 400nm polyethylene oxide,
PEO (Mv: 400,000), thin film was used. The published range for the melt temperature for PEO is
between 65°C-70°C [86, 87]. As seen in figure 3.3, the melt temperature that was measured for
PEO using ellipsometry was within the published range. Therefore, it confirmed that the
measurements for the melt and glass transition temperatures for the PLGA thin film samples
were accurate using ellipsometry.

Figure 3.3. The ellipsometry scan of the melt temperature for a 400nm PEO film
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Thin coatings of PLGA were spin-cast between 50 and 200 nm followed by isothermal
annealing at 100 ˚C for up to 5 days. Figure 3.4a shows two heating and cooling ellipsometry
scan cycles for a 200 nm thick PLGA coating that was annealed for 5 days after spin-casting,
which corresponds to maximum crystallinity. On the first heating run (10 ˚C/min), as highlighted
in Figure 3.4b, two prominent transitions are observed, a transition from the glassy to the rubbery
semi-crystalline state and a melting transition to the fully amorphous state. The first transition
(𝑇𝑔,ℎ1) occurs at a temperature of 53 +/- 1 ˚C, which is determined by the intersection of the
asymptotes of the glass and rubbery semi-crystalline states taken between 30 and 50 ˚C and 70
and 90 ˚C, respectively. 𝑇𝑔,ℎ1 is sometimes classified as the fictive temperature, and it is
correlated to the structure of the glass. Here the thermal expansion of the layer increases from
0.05 nm/ ˚C in the glassy state to 0.11 nm/˚C in the rubbery semi-crystalline state.

The second transition, or the melt transition between the rubbery semi-crystalline to the
rubbery amorphous state, takes place between 120 ˚C and 145 ˚C, the midpoint (𝑇𝑚 ) occurring at
137 +/- 1 ˚C. At the midpoint of this transition, the PLGA film experiences a 2% increase in
thickness from 206 nm to 210 nm. In the fully melt regime, the thermal expansion increases to
0.20 nm/˚C. Figure 3.4c highlights the first cooling from 150 ˚C to room temperature (also at a
rate of 10˚C/min), the thermal contraction stays constant at 0.20 nm/˚C until the transition
temperature of (𝑇𝑔,𝑐1 ) of 59 +/- 1 ˚C. In the glassy region, the thermal contraction of the layer is
0.05 nm/ ˚C, roughly equivalent to the value of at the start of the heating run.
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Two features from these experimental runs stand out. First, the transition temperature
between the glassy and rubbery semi-crystalline state 𝑇𝑔,ℎ1 upon heating is lower than the
associated transition temperature 𝑇𝑔,𝑐1 upon cooling by 6 ˚C. This observation is consistent with
PLA that has been crystallized under constrained conditions, where the transition temperature
from the glassy to the rubbery semi-crystalline state was found to up to 30 ˚C less than the fully
amorphous sample [64].

Second, during cooling, the film contracts at nearly twice the rate than it expands during
heating. At 75 ˚C, the thicknesses between the cooling and heating runs cross. At the end of the
cooling run, the thickness is 4 nm less than the thickness at the start of the heating run (194 vs
198 nm). It should be noted that such a cross-over is not always consistently observed. However,
the contraction of the coating from the melt to room temperature always overcomes the increase
in the coating thickness gained upon melting in the heating run. This phenomenon may be due to
the effect of the constraining substrate, which prevents contraction or expansion of the coating
laterally to the substrate. On cooling from the annealing, the crystallites frustrate relaxation of
the coating leading to excessive free volume compared to an equivalent bulk sample that can
contract in all three dimensions. This frustration is responsible for both the cross-over between
the cooling and heating runs as well as the diminished value of 𝑇𝑔,ℎ1 versus 𝑇𝑔,𝑐1.

On the second heating and cooling run cycle, the thickness vs. temperature curves now
almost completely overlap. The expansion coefficient above the glass transition temperature is
0.20 nm/˚C for both runs; however, there is a small discrepancy in the two runs near the glass
transition, as shown in Figure 3.4d. The transition temperature 𝑇𝑔,ℎ2 upon heating is 57 +/- 1 ˚C
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and the transition temperature 𝑇𝑔,𝑐2 upon cooling is 59 +/- 1 ˚C. Interestingly, there is more
curvature in thickness vs. temperature near the glass transition upon cooling than during heating.
While 𝑇𝑔,ℎ2 is still less than 𝑇𝑔,𝑐2 , it is now only by 2 ˚C.

Figure 3.4. (a)Ellipsometry graph of a 200nm PLDGA film, (b)melt temperature,
(c)glass transition temperature during cooling, (d)the glass transition temperature
between the heating and cooling run.
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𝑑𝑙

1

The linear thermal expansion coefficient [88, 89], 𝛼 = (𝑑𝑇) 𝑙 , for the glass, rubbery
0

semi-crystalline, and amorphous states were 3 +/-1 x 10-4 /˚C, 5 +/- 1 x 10-4 /˚C, and 9 +/-1 x 104

/˚C respectively (Figure 3.16). Similar values were found for all coatings between thicknesses of

50 nm up to 200 nm for samples annealed for 5 days at 100 ˚C. The literature value of the
volumetric thermal expansion of PLA in the melt is 7.4 x 10-4 /˚C [90]. The corresponding linear
thermal expansion coefficient is approximately 1/3 this value, or 2.5 x 10-4 /˚C. Interestingly, the
measured values of 9 +/-1 x 10-3/˚C in the melt is approximately the same value as the reported
volumetric expansion coefficient, suggesting that the amorphous PLDGA is undergoing almost
pure one-dimensional expansion during the heating and cooling runs. This is in line with what
has also been overserved on ellipsometry measurements of poly(styrene) films [77].

To put the ellipsometry findings into perspective, Figure 3.5 depicts the DSC scan of bulk
PLGA that was quenched from 150 ˚C and annealed at 100 ˚C for 5 days to mimic the same
thermal history of the 200 nm thick coating, whereas figure 3.6 reflects the DSC scan on cooling.
Similar to the first ellipsometry heating scans, two prominent transitions are observed on the first
heating run of the DSC. The first transition temperature 𝑇𝑔,ℎ1between the glassy and rubbery
semi-crystalline state occurs at 63 ˚C, or 10 ˚C above the value of the 200 nm film.

In the second transition, there are two pronounced peaks, labeled I and II (figure 3.5).
The presence of two melting peaks have also been observed in PLGA (84L/16G). [91] Peak I is
representative of the melting of lamellae associated with secondary crystallization and occurs
between 115 ˚C and 130 ˚C. Peak II is the melting of the primary lamellae, and it occurs
between 130 and 142 ˚C. The melt temperature 𝑇𝑚 of the bulk sample is defined at the center of
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peak II, which is 138 ˚C, the same melt temperature as observed for the 200 nm coating. The
reported enthalpy of melting for crystalline PLA is 93.7 J/g [92].

Figure 3.5 A DSC graph of a five day annealed PLDGA undergoing heating, where
run 1 is black and run 2 is red. The sample is amorphous on run 2 because there is no
presence of a melt peak. I refers to endotherm I and II refers to endotherm II.
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Figure 3.6. A graph of Tg,c and Tg,h on run 2, where all sample history is
erased. Tg,c is measured on cooling and Tg,h is measured on heating.
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3.3.1 Heating and Cooling Rate Dependency in Bulk PLGA
The dependency of the bulk melt temperature and glass transition temperatures on the
heating and cooling rate was determined by increasing the rate from 1°C/min to 15°C/min.
Unlike the effects of anneal time and crystallization, the melt temperature remained constant at
136.4°C +/- 0.44°C when the heating rate was varied (figure 3.8). Tg,h1 and Tg,h2 both increased
by 5°C, when the heating rate increased from 1°C/min to 15°C/min (figure 3.8). The increase in
Tg,h indicated that the glass transition temperature upon heating is a rate-dependent property in
bulk PLGA, regardless if sample history was present or not. Although in figure 3.9, it appears
that Tg,c1 and Tg,c2 are increasing and decreasing with rate, given the standard deviation, Tg,c1 and
Tg,c2 was determined to be independent of cooling rate.

Figure 3.7 Bulk melt temperature remained constant with increased
heating rate
25

Figure 3.8 The bulk glass transition temperature on heating for both run 1 and 2,
Tg,h1 and Tg,h2, increased linearly with heating rate.
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Figure 3.9 The bulk glass transition temperature on cooling during runs 1 and 2,
Tg,c1 and Tg,c2 remained constant with increasing cooling rate.

3.3.2 Role of Crystallization in Tm, Tg, and α
In the first cooling run of DSC, the sample was brought down from the melt state at 150
˚C to room temperature. In this cooling run, there are no signs of crystallization and the transition
from the rubbery to the glassy state occurs at 𝑇𝑔,𝑐1 = 54 ˚C. In the subsequent DSC heating run of
the bulk sample, 𝑇𝑔,ℎ2 is 60 ˚C with no characteristic melt transition. Upon cooling, 𝑇𝑔,𝑐2 is 54
˚C. Here it is to be noted that 𝑇𝑔,ℎ2 − 𝑇𝑔,𝑐2 = 6 ˚C, whereas in the 200 nm coating, 𝑇𝑔,ℎ2 − 𝑇𝑔,𝑐2 =
-2 ˚C.
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Comparing the ellipsometry and DSC results, the melting transition starts at 115 ˚C.
Upon closer examination of the first heating run of the 200 nm PLDGA coating, there is a
gradual increase in the thermal expansion of the film from 0.11 nm / ˚C to 0.13 nm/˚C between
100 ˚C and 130 ˚C. To bring this into focus, Figure 3.10 shows the deviation (or residual)
between the measured thickness and the expected thickness based on an 0.11 nm/ ˚C expansion
coefficient. At approximately 120 ˚C, this deviation shifts to exceedingly positive values, which
may be consistent with the Peak I endotherm in the DSC. The effect is relatively small, only
accounting for a 1% increase in thickness.

Figure 3.10 Deviation between expected and actual thicknesses for a 200nm film
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If we define the beginning of the melt transition at the clear slope change at 130 ˚C, the
midpoint is 137 ˚C, as depicted in Figure 3.5. At 137 ˚C, the change in thickness is determined
by extrapolating the thickness before melting and the thickness after melting, which can be used
to estimate crystallinity. Using the literature values for the densities of amorphous PLA (𝜌𝑎 =
1.25 g/cm3) and crystalline PLA (𝜌𝑐 = 1.49 g/cm3), the density of semi-crystalline PLGA can be
estimated as
(3.1)

𝜌𝑥 = (1 − 𝑥)𝜌𝑎 + 𝑥𝜌𝑐

Where 𝜌𝑥 is the density corresponding to a crystalline fraction 𝑥. If the thickness of the
semi-crystalline layer at the start of the melt transition is 𝐿𝑥 and the thickness of the amorphous
layer at the end of the melt transition the is 𝐿0 , the relationship between 𝐿0 /𝐿𝑥 and 𝜌𝑥 /𝜌0 is

𝐿0
𝜌𝑥 1/3
=( )
𝐿𝑥
𝜌0

(3.2)

which enables determination of 𝑥. Based on the analysis in Figure 3.4b, the fraction of
crystallinity is 0.32, which is remarkably similar to the 0.26 fraction obtained from DSC.
Depending on how one selects the baseline for the start of the transition, there can be
considerable error in this estimate (+/- 20%). Therefore, the relative degree of crystallization was
measured using grazing incidence x-ray diffraction (GIXRD) on 70 nm thick PLDGA coatings.
The relative degree of crystallization in the thin films was determined by measuring the area, 𝐴 ,
of the diffracted peaks at the various annealing time periods.
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𝑥
𝐴𝑡
=
𝑥5𝑑 𝐴5𝑑

(3.3)

Where 𝑥/𝑥5𝑑 is the crystallinity fraction relative to 5 days. 5 days was chosen as the
frame of reference, as there is negligible change in crystallinity in both the thin film and bulk
polymer after 5 days of annealing. The GIXRD diffraction pattern of a 70 nm film demonstrated
that the height of the peaks increased with increasing annealing time. A single peak was
observed in all of the diffraction patterns at 16.9˚ [˚2θ] (Figure 3.11). The d-spacing of 5.24Å
and the FWHM of 0.7860 [˚2θ] remained constant across all annealing conditions thus
suggesting that the size and type of crystal growth remained the same. The diffraction peak of
PLGA in this study was consistent with the finding of Vayer et al., who observed a sharp 2θ peak
at 16.5° for a 200 nm poly(L-lactic acid) film that was annealed for five minutes at 80°C [93].

Figure 3.11. The GIXRD plot of a 70nm film annealed at
different time periods. The intensity of the peak increased
as the annealing time increased to 5 days.
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If we use the fraction of crystallinity from the bulk DSC thermogram as a point of
reference for the crystallinity in the thin film after 5 days (26%), the degree of crystallization can
be determined as a function of annealing time, which is plotted in Figure 3.13 along with the
fraction crystallinity of the bulk sample. Furthermore, using the protocol established by equation
3 to determine the fraction of crystallinity in equivalent 60 nm thick coatings of PLGA, the
corresponding fractions of crystallinity are also presented in Figure 3.14. The ellipsometry
results were in good agreement with the GIXRD results. Crystallization occurred rapidly in the
thin films. For example, after annealing at 24 hours, the thin film had developed 24%
crystallinity whereas the bulk had only developed 5% crystallinity. Interestingly, despite the
different rates of crystallization, the melt temperature of both the film and the bulk sample were
highly correlated when plotted as a function of sample crystallinity. The melt temperature was
roughly constant at 134 ˚C for up to the 15% crystallinity and then rose to ~140 ˚C between 15
and 25% crystallinity. Finally, the linear thermal expansion coefficient of both the glassy semicrystalline state (measured below 𝑇𝑔,ℎ1 ) and the rubbery semi-crystalline state (measured above
𝑇𝑔,ℎ1) are provided in Figure 3.16. Here, the thermal expansion coefficient is independent of the
fraction of crystallinity in the glassy state but depends linearly on the fraction of crystallinity in
the rubbery state, at least up to 25% crystallinity.

The melting endotherm peaks of bulk PLGA grew in intensity and sharpened as the
anneal time grew and bulk crystallinity increased (figure 3.12). At 24 hours, melting endotherm I
is less pronounced and endotherm II is significantly broad. By day seven, endotherm I and II coexist and endotherm II narrows. In figure 3.12, there was an observed shift in the positioning of
endotherm II with anneal time. The movement of endotherm II correlated to a shift in the bulk
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melt temperature of up to 8°C. The narrowing of the endotherm peaks and the increase in melt
temperature is due to the higher percentage of crystallization and formation of larger crystals that
became present in bulk PLGA.

Figure 3.12 The melting endotherms of the annealed bulk PLGA samples
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Figure 3.13. The change in crystallinity with increasing anneal time for the bulk and 60nm
film.
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Figure 3.14 The effect of crystallinity on the melt temperature, Tm, for a 60nm film and
bulk PLGA
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Figure 3.15 The effect of crystallization on Tg,h during run 1

Because both the bulk and thin films were crystallized by isothermal annealing, we would expect
to see changes in the glass transition temperature reflected in Tg,h1 because the samples have not
been thermally erased at this point. In figure 3.15, Tg,h1 for both the bulk and 60nm PLGA films
did not significantly change as the result of increases in crystallization. The small increase in the
60nm Tg,h1 as a result of increases in crystallinity, was considered negligible due to the large
deviation in the measurement. Here, it was determined that Tg,h1 is independent of crystallization.
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Figure 3.16 Thermal expansion for 60nm films in the glass and rubbery state

To understand the source of the higher value of 𝑇𝑔,𝑐2 than 𝑇𝑔,ℎ2 on the second
heating/cooling run of the thin film, in which the sample history had been erased [86, 87], figure
3.17 shows AFM height retrace scans of PLGA coatings heated and cooled at a rate of 10˚C/min.
Figure 3.17a is a sample that has been annealed at 100 ˚C for 24 hours, showing clear signs of
crystallinity. Upon heating, the surface structure is maintained up to 100 ˚C. At 150 ˚C, the
surface features are now absent. The appearance of holes in the melting phase of figure 3.17c
could be due to changes in the lamellar thickness [63]. Surprisingly, as the film was cooled from
150 ˚C to 30 ˚C at 10 ˚C/s, rod-like crystals formed on the surface. These results indicated that
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surface crystallization occurred during the cooling run, but it is insufficient to be readily detected
in the subsequent ellipsometry heating run. Surface crystallization may be possible because of
the confinement in the film and the increased mobility of the free surface layer [81, 82].
Furthermore, the presence of such surface crystals may frustrate relaxation of the amorphous
regions upon vitrification.

Figure 3.17. AFM images of a 133nm film that went through a heating
and cooling scan at 10°C/min (a)film was previously annealed for 24
hours, (b)heating at 100.5°C, (c)heating at 150°C, (d)on the cooling
down to 41.4°C (e)heating for a second time at 105.6°C, (f)continued
heating at 110°C (images a-c had a scan size of 1µm, image d and e had
a scan size of 500nm and image f had a scan size of 2µm).
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3.3.3 Thickness Dependency in Thin Films
For films with no sample history and thicknesses greater than 50nm, both Tg,h2 and Tg,c2
became fairly stable with Tg,h2 at 55°C +/- 2°C and Tg,c2 at 58°C +/-2°C, where Tg,c2 was higher
than Tg,h2 (figure 3.18). The result of Tg,c2 being greater than Tg,h2 is consistent with other studies
and can be attributed to the ability of the film to fully relax while experiencing confinement of
the molecular chain groups [68, 72, 77, 94-97]. Interestingly, when the film thickness is less than
50nm, Tg,c2 sharply decreased and Tg,h2 increased, making Tg,c2 less than Tg,h2. There is also the
effect of the silicon substrate on the film. Tg of supported films have been reported higher than
Tg of free standing films, this indicates that the increase of substrate polymer interactions and the
presence of a free surface causes shifts in Tg [98-101]. Additionally, Tg,c2 in thin films was
comparable to the bulk Tg,c2. These results demonstrate that the heating and cooling glass
transition temperatures are independent of thickness above 50nm.

In the glass regime, the thermal expansion coefficient did not show any sensitivity to
increases in the degree of crystallization. However, when the sample history was erased, the
thermal expansion coefficients in both the cooling and heating runs were more sensitive to
changes in film thickness. In figure 3.19, the thermal expansion coefficient decreased by half (or
a factor of 2) between 55 and 124nm in the glass regime. Likewise, the same phenomenon was
observed in the melt regime, where the thermal expansion coefficient decreased by half due to
increasing thickness (figure 3.20). These results demonstrate that the thermal expansion
coefficients have a strong sensitivity and dependency on thickness. Additionally, the decrease in
thermal expansion coefficient occurred during both the heating and cooling runs. This indicates
that the reduction of the thermal expansion coefficient was more attributed to thickness than due
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to the effects of the heating and cooling run in thermally erased films. The increase in the
thermal expansion coefficient with decreasing thickness could be due to greater confinement of
the molecular chain groups, and the role of substrate binding and mobility in thinner films.

Figure 3.18 The changes in glass transition temperature during heating and cooling
for films with no sample history (Tg,h2 and Tg,c2)

39

Figure 3.19 The reduction of the thermal expansion coefficient due to increasing
thickness in the glass regime for films with no sample history
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Figure 3.20 The reduction of the thermal expansion coefficient due to increasing
thickness in the melt regime for films with no sample history
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3.3.4 Relaxation Behavior During Heating and Cooling
Interestingly, during the course of heating and cooling the samples, at times the cooling
run would be above the heating run, the cooling and heating runs would cross, or the cooling and
heating runs would come close to overlapping. In figure 3.21, a 185nm film had a final thickness
greater than the starting thickness and the cooling run was above the heating run. For a film of a
similar thickness, the cooling run crossed the heating run at about 80°C and the final thickness
was greater than the starting thickness (figure 3.22). In a different case, the cooling run remained
above the heating run, but at the end of the run, the heating and cooling runs nearly overlapped
(figure 3.23). In all three of these cases, the cooling run remained consistently greater than the
heating run, immediately after the film transitioned from heating at a temperature beyond the
melt temperature. The glass transition on cooling remained fairly constant regardless if the
cooling run crossed, overlapped or was higher. In order to understand this phenomenon, films
that were not annealed underwent a heating cycle where their sample history was erased at
150°C using the ellipsometry heating cycle. After the sample history was erased, the films were
cooled to 100°C and were annealed for sixteen hours at 100°C on the ellipsometry heating stage.
The changes in thickness were measured periodically over the course of sixteen hours.

Figure 3.24 provides an overview of the ellipsometry heating and cooling scan during the
annealing time hold. After the sample was held at 100°C for sixteen hours, there was a clear
reduction in the thickness and the cooling run dropped below the heating run and overlapped the
heating run at the end of run 1 (figure 3.25). Moreover, when the sample was reheated for a
second heating cycle, there was evidence of a melt temperature, indicating that the film
crystallized during the sixteen-hour period (figure 3.26). The difference between the glass
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transition temperatures on heating and cooling during run 2 and run 1 was, Tg,h2 – Tg,h1 = 2°C.
However, given the standard deviation of +/- 1°C, it was concluded that the Tg,h1 and Tg,h2
remained fairly constant across the runs, which was consistent with the results discussed earlier
that demonstrated that the glass transition temperature is independent of crystallization. The
onset melt temperature was 120°C, which is similar to the melt temperature of endotherm I in the
bulk. This finding would suggest that there was a presence of smaller crystals in the thin film.
The cooling run remained above the heating run during run 2, even though the cooling run
almost overlapped with the heating run at the end.

The results of annealing the films for sixteen hours, revealed that there is an interesting
relaxation behavior occurring in the thin films, which occurs after the films past the melting
regime and enter cooling. During this transitive phase, the films are forced into a relaxation
mode. It is important to highlight the importance of the substrate during the relaxation process.
There may be additional stress and strain between the mismatch between the substrate and the
film, which is enhanced during high heating and immediately with cooling, which could be
attributing to the switching behavior of the cooling runs. Furthermore, there is also the role of the
degree of mobility at the substrate and film interface and the film and air interface that interplay
with the molecular chain confinement. Additionally, the previous afm results demonstrated that
there is a thin crystallizable layer that forms on the surface of the film during cooling. The
presence of the thin crystallized layer is another factor that contributes to the switching behavior
of the cooling runs.
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Figure 3.21 Heating and cooling scan during run 1 for a film that was annealed for 24 hours,
where the cooling run was above the heating run
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Figure 3.22 Heating and cooling scan during run 1 for a film annealed for 5 days, where the
cooling run crossed the heating run
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Figure 3.23 Heating and cooling scans during run 1 of a 24h annealed sample, where the heating
and cooling runs almost overlap at the end of the run
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Figure 3.24 The heating and cooling cycle of an un-annealed 200nm sample that was held at 100°C
during the cooling run during run 1
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Figure 3.25 The film thickness decreased during 16 hours of crystallization held during
the cooling run of run 1
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Figure 3.26 The heating curve of run 2 after the film was annealed for 16 hours.
Tm,on is the onset of melting
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Figure 3.27 The heating and cooling cycle of run 2 after the film was crystallized for 16h on
the ellipsometer heating stage
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3.4 Conclusion
Crystallization behavior in thin PLGA films ranging between 50 and 200nm was
investigated by ellipsometry and compared to the bulk. The melt temperatures for the thin film
and bulk were comparable and increased with greater degree of crystallization; although
crystallization occurred faster in the thin film than the bulk. Interestingly, the ellipsometry results
coupled together with the AFM images revealed that during cooling surface crystallization
occurred on the film and may be associated with a relaxation behavior that is preventing the film
to fully contract and expand. The thermal expansion coefficient for an amorphous film in the
rubbery state decreased as the film became more crystalline. The thermal expansion coefficient
was also dependent on thickness for films between 50 and 124nm. The glass transition
temperatures were found to independent of thickness for films greater than 50nm. More work
should be done to determine how surface crystallization on cooling tunes the glass transition
temperature and its relaxation behavior in ultrathin films.
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Chapter 4: Surface Degradation of Crystallized Thin PLGA Films

4.1 Introduction
Metal and metal alloys commonly serve as materials for orthopedic implants. However,
one of the main disadvantages of metals is that when exposed to water, hydrolysis and
breakdown of materials occurs. Polymer thin films have the potential to act as surface barriers to
aid in reducing the rate of degradation of the metal alloys. More specifically, polylactic acid and
poly(lactic-co-glycolic acid), PLGA, are biodegradable and biocompatible polymers approved by
FDA and can be used in several biomedical applications [102-104] Degradation in PLGA is
known to occur by breaking of the ester backbone due to chain scission. The by-products of
hydrolytic chain scission are water soluble, biodegradable products that are absorbed by the body
[105-109]. The rate of diffusion of water into the film is a determinant in deciding whether
degradation is happening through the bulk of the film or if erosion is happening at the surface.
Surface erosion is generally characterized by a mismatch between water diffusion and hydrolysis
and can be limited to the amount of chain ends available to catalyze hydrolysis. In the case of
surface erosion, water diffusion will become slower than the rate of hydrolysis [110, 111]. There
are several factors that can affect the degradation rate of PLGA. Korber highlights that oligomer
solubility limited diffusion of PLGA should be considered in evaluating the erosion behavior of
PLGA [112]. Molecular weight, porosity, pH, and crystallization are known to affect the
degradation rate of polymers [113-119].
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Currently the literature has focused on evaluating degradation as a function of molecular
weight, copolymer ratios in bulk or in scaffolds. However, more work is needed to understand
the nature of degradation relative to the thickness of ultrathin films. Here, it is hypothesize that
crystallization will slow the degradation rate. The purpose of this present work is to investigate
the role of crystallization in tuning the degradation rate of ultrathin PLGA films.

4.2 Materials and Methods

4.2.1 Thin Film Preparation
Silicon wafers were plasma etched and silanated with 4% (3Aminopropyl)triethoxysilane (ATPES) in acetone to promote better adhesion of the films to the
substrate (figure 4.1). Poly(D,L-co-glycolic acid) (85L/5D/10G), PLGA, was obtained from
ConMed Corporation. PLGA was dissolved in chloroform to form a polymer solution and then
spin coated on the silanated wafers for three minutes at a spin speed of 3000 rpm. Afterwards,
films were either thermally erased at 150°C to erase sample history or isothermally annealed at
100°C for five days to achieve maximum crystallinity.

Simulated body fluid (SBF) was prepared following the recipe of Bayraktar and Tas at a
pH of 7.4 [120]. Films were disinfected with a bleach solution, rinsed in distilled water and
placed in SBF at 37°C. Films were removed from SBF weekly, cleaned with a bleach solution
and distilled water, and then vacuum dried for two hours to obtain the dry thickness.

53

Figure 4.1 The structure of (3-Aminopropyl)triethoxysilane, APTES

4.2.2 Ellipsometry
A home-built variable-angle rotating compensator ellipsometer was used at a fixed angle
of incidence. The ellipsometer used a He-Ne laser light source with a wavelength of 633nm. The
thickness of the films were normalized to the initial start thickness.
dnorm = dt/d0

(5.1)
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where dt is the thickness at a specific time period and d0 is the initial film thickness before
exposure to SBF. The same normalization procedure was repeated for the refracted index.

RInorm = RIt/RI0

(5.2)

where RIt is the refractive index at time, t and RI0 is the initial refracted index of the film prior to
subjection to degradation in SBF.

4.2.3 Statistical Testing
A one-way ANOVA test using a Bonferroni test was used to evaluate the statistical
significance of the results. A one-way ANOVA test was chosen because there was only one
independent variable considered for this experiment. A Bonferroni correction was used to reduce
the risk of a type I error. Here, significance was determined by p<0.05. Sample sizes were n=3.

4.2.4 Atomic Force Microscopy (AFM)
A Digital Instruments atomic force microscope was used to investigate the surface
topography of vacuum dried 70nm and 200nm films. Measurements were made using the tapping
mode configuration. Samples were dried in a vacuum oven prior to AFM imaging.

4.3 Results and Discussion

4.3.1 Thickness Dependent Degradation
70nm and 200nm PLGA films were fully immersed in SBF and incubated at body
temperature, 37°C, to investigate degradation behavior in a simulated body environment. There
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are two types of methods to model the internal body environment, static and dynamic. The
results of this study were done using the static method. Here, the fluid was not constantly moving
at specified rate similar to the fluid dynamic behavior of the human body. Over a six week
period, there was a strong reduction in the thickness of 200nm thermally erased films (figure
4.2). In contrast, the thickness of the fully crystalline 200nm films remained fairly constant when
exposed to SBF during the same time period. There was no statistical difference between the
start and end thickness of the fully crystalline films, while, there was a statistical difference
between the initial and final thickness of the thermally erased films at six weeks. 200nm
thermally erased films eroded three times faster than 200nm crystallized films. The observed
linear reductions in the PLGA film thickness over a six week period, indicative of surface
erosion, shared similarities with other findings of linear reductions in the molecular weight of
PLGA films [121].

The erosion rate for 200nm thermally erased films was -0.0064 normalized units/week
versus -0.0028 normalized units/week for crystalline films. The rapid erosion rate can also be
associated with the static environment of the films. In the static environment, there is the absence
of fluid flowing constantly in one direction, and as a result degradation is happening across the
surface of the film, as the film homogeneously absorbs SBF, and as a result autocatalytic
degradation can occur. SBF was replaced on a weekly basis to help minimize the effects of
acidic by-products that can arise in the absence of dynamic flow. Some contributions of an acidic
environment could have caused the rapid degradation rates [122-125]. Huang et. al,
demonstrated that for PLGA (50:50) films, degradation rates were higher in static environments
rather than in dynamic flow [123].
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Secondly, the rapid erosion rate of the thermally erased films can be attributed to its
amorphous, highly mobile structure [107, 126]. The dense packing of the crystalline network of
the fully crystalline films helps to close and seal pores to prevent water from entering. The lack
of a crystalline network leaves the amorphous region exposed and open to water. Additionally,
the thermally erased films are spin coated with a polymer chain entanglement configuration
formed from spin casting and then thermally erased above the melt temperature for two minutes
and immediately removed from the oven, immediately quenching the film.

The PLGA film used in this study consisted of 10% glycolic acid. The lower percentage
of glycolic acid used in this film may have attributed to the slower degradation rate, because
there is greater hydrophobicity associated with 85% lactic acid. Vey et al. observed that slower
degradation rates were associated with PLGA films that contained higher lactic acid units; for
example PLGA 50/50 loss six times more mass than PLGA 95/5 within 10 days during in vitro
degradation in phosphate buffer solution [127]. Studies that evaluated the involvement of
glycolic acid in the degradation rate discovered that slower degradation rates were accredited to
lower percentages of glycolic acid in the polymer [128, 129].

Compared to the 200nm thermally erased films, the 70nm thermally erased films eroded
three times faster than the 200nm films. The erosion rate for the 70nm thermally erased films
was -0.018 normalized units/week. Interestingly, the erosion rate also corresponded to the
relationship between the thicknesses. The 200nm films were three times thicker than the 70nm
films and consequentially, eroded three times slower. It is possible, that the erosion rate
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corresponds linearly or is proportional to the reduction of initial film thickness. The contrast in
the erosion rates, indicate that crystallization can slow down the erosion rate of thin films. After
six weeks, the films began to delaminate from the silicon substrate. Future degradation studies of
PLGA thin films should include better adhesion of the films to the substrate to allow for longer
study time periods.

Figure 4.2 The reduction of film thickness in SBF over six weeks. 70nm thermally
erased films eroded the fastest, where 200nm fully crystalline (5d) films eroded the
slowest.
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4.3.2 Refractive Index Behavior
Although, there was significant thickness reduction for the thermally erased films, the
refractive index remained constant for both the thermally erased and crystalline films (figure
4.3). There was no statistical significance between the refractive indices at the beginning and the
end of the degradation experiment. Thus, indicating that surface erosion occurred. In the case for
bulk degradation, it would be expected that the refractive index would decrease with decreasing
thickness.
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Figure 4.3 There was no statistically significant change of the refractive index for the 70nm and
200nm thermally erased and crystallized PLGA during the six week degradation period

Moreover, the AFM images revealed that there were slight changes to the surface of the
200nm thermally erased film at week five (figure 4.4). The afm images reveal that there was
dense packing of the fully crystalline film, which would have helped to reduce the diffusion of
water into the film. At week zero and week five there were no changes in the morphology of the
crystalline film. The afm images support the conclusion that surface erosion occurred on the
films and not degradation through the whole film. Although there were perturbations on the
surface of the week five thermally erased films, these perturbations did not cause a strong
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increase in the surface roughness. The perturbations on the thermally erased surface could be
early indications of surface erosion. Because the amorphous structure was more exposed to
water in thermally erased films, it is possible that the glycolic acid units broke down faster,
yielding a slightly more acidic environment. The perturbations on the thermally erased film
could be due to erosion from an acidic environment, hence if the films were degraded longer in
SBF, it would be expected that the surface roughness would dramatically increase.

4.4 Conclusion
Surface erosion of the thermally erased films indicated that crystallization can slow down
the thin film erosion time. More importantly, this indicates that the crystallized thin films may
act as protective layer or barrier to erosion of resorbable implants in body fluid. To expand our
understanding of the degradation behavior, longer period of evaluation is necessary.
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(a)

(b)

(c)

(d)

Figure 4.4 Surface morphology changes of 200nm PLGA film eroded in SBF over five weeks.
There were slight changes to the surface of the TE films but no visible changes on the 5d annealed
films. All images were taken at a scan size of 3µm. (a)TE at 0 weeks, (b)TE at 5 weeks, (c)5d at 0
weeks, (d)5d at 5 weeks. (*TE: thermally erased and 5d: 5 day annealed film, fully crystalline)
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Chapter 5: Adhesion Strength of Osteoblast Cells on Crystallized Thin Films

5.1 Introduction
Adhesion and anchorage of osteoblast cells to bone injury sites is of great importance in
the field of orthopedics. Majority of orthopedic implants are made out of either metal alloys or
biodegradable polymers. Several studies have been done to evaluate the adhesion of osteoblasts
in scaffolds and metallic materials. More recently, studies have begun in characterizing
osteoblast adhesion and osteoconductivity on polymeric materials. There are several factors that
can affect the adhesion strength of cells on surfaces, such as surface roughness, integrin binding,
surface chemistry, and material composition. There are three stages of cell adhesion in static
environments: sedimentation, attachment and spreading. In stage I, there is initial attachment of
the cells to the surface of the film via electrostatic interaction. In stage II, the cells flatten and
spread on the surface and initiate binding of receptor-ligand pairs. During stage II, there is also
initial formation of the microfilament bundles. In stage III, the cells are fully spread on the
surface via focal adhesion and continue to form fully organized matrices of actin microfilament
bundles [130]. In addition to the adhesion mechanism of cells on substrates, it is also important
to consider the role hydroxyapatite has in modifying the adhesion behavior of cells.
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Hydroxyapatite is a bioactive and biocompatible mineral composite that shares properties
and compounds similar to bone and can be prepared using sol-gel, wet, dry, and co-precipitation
methods [131-133]. It shares similar composition to hard tissue and has a Ca/P ratio of 1.67
[134]. Hydroxyapatite is generally a crystalline material that can exist either in a semi-crystalline
or amorphous form. Nagano et al. discussed that crystalline hydroxyapatite has great potential
for extending the longevity of coatings, but also has a higher failure load rate than amorphous
hydroxyapatite due to the brittleness and fragility of its crystalline structure [135]. The
composition, roughness and porosity of hydroxyapatite is known to affect the cellular response.
PLA on its own has very low osteoblast and bioactivity and as a result surface modifications are
usually utilized to improve cell signaling, proliferation and surface energy [136]. However,
inclusion of hydroxyapatite in the PLA can increase osteoblast activity on its surface by up to
400% [137].

There have been several efforts to understand the role that surface modification and
environmental cues have in tuning the adhesion and proliferation behavior of cells [138-142].
Cai et al. demonstrated that surface medication of PDLLA due to hydrolysis or swelling resulted
in higher cell viability, greater osteoblast proliferation and attachment [139]. In the work by Cui
and Sinko, the osteoblast cell density increased by a factor of 5 within seven days on highly
crystalline PGA (Xc: 32%) compared to pure PCL (Xc: 27%) [143]. Washburn et al.
determined that the number of MC3T3-E1 cells decreased due to the increased surface roughness
(of up to 10nm) from higher crystalline PLLA films [144]. The combination of the results from
Cui, Sinko, and Washburn et al. suggest that MC3T3-E1 cells are sensitive to surface roughness
on the order of nanometers.
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It is also important to consider how hydroxyapatite will integrate with the polymer chain.
The quality of the dispersion of hydroxyapatite nanoparticles in polymer films is dependent on
the route of synthesis. Hydroxyapatite could be embedded into PLGA, form a inorganic-organic
hybrid of PLGA, use chemical bonds to form interpenetrating networks, or bond to the backbone
of PLGA [145, 146]. Each mechanism of hydroxyapatite inclusion in PLGA will affect the
mechanical strength, miscibility, solubility, and adhesion behavior of cells to the surface.
However, in the case of ultrathin PLGA films, more work should be done to understand how
crystallization alters the adhesion strength and osteoconductivity of bone cells. The purpose of
this chapter is to investigate the adhesion behavior of osteoblast cells to crystallized thin PLGA
films in vitro and the role of hydroxyapatite in improving the adhesion strength.

5.2 Materials and Methods

5.2.1 Hydroxyapatite Thin Film Preparation
The same PLGA that was used in the previous chapters, that was obtained from ConMed,
was used in solution in chloroform. Hydroxyapatite nanopowder, Ca5(OH)(PO4)3, HAp, was
purchased from Sigma Aldrich. HAp powder was added to the polymer solution, stirred and
sonicated in a water bath to ensure particle dispersion in the polymer solution. The HAp-polymer
solution was spin coated on circular glass coverslips for three minutes at a spin speed of
3000rpm. Afterwards, films were annealed at 100°C for 24h to become crystalline or thermally
erased at 150°C to remove sample history.
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5.2.2 Cell Culture
MC3T3-E1 Sublcone 4 preosteoblast mouse cells were purchased from ATCC. The
growth medium consisted of 10% GIBCO fetal bovine serum, 1% GIBCO penicillinstreptomycin and Alpha Minimum Essential Medium. Cells were passaged using standard
subculture techniques. Cells were incubated at 37°C in a 5% CO2 environment. Medium was
changed every two to three days. Cells were grown to 80-90% confluency prior to passaging.

5.2.3 Spinning Disk Testing
The spinning disk method was utilized to test the adhesion strength of osteoblast cells to
thin films. The spinning disk method uses the shear stress at the surface of the disk to quantify
the detachment profile of cells. In this method, cells adhered to disks are rotated at a specific
speed in a dextrose spinning buffer. During the spinning of the disk in the fluid, shear stress is
applied on the surface of the disk.

𝜏 = 0.800𝑟(𝜌𝜇𝜔3 )1/2

(5.1)

where 𝜏 is the shear stress at the surface of the disk, 𝑟 is the radius of the disk, 𝜌 is the fluid
density, 𝜇 is the fluid viscosity and, 𝜔 is the angular velocity [147].

The fraction of cells that remain adhered to the disk surface, f can be calculated using the
following equation,

(5.2)
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𝑓=

𝑓0
1 + exp [𝑏(𝜏 − 𝜏50 )]

The mean shear stress, 𝜏50 represents the average amount of force that it takes for 50% of
the cells to detach from the surface. At the center of the disk the amount of detachment force
applied can be considered to be zero, because it can be assumed that the forces applied are at the
outer edge of the disk [148]. SigmaPlot can be used to generate plots for the shear stress and the
amount of adhered cells to the disk surface [149].

Figure 5.1 displays the setup for the spinning disk experiment. The spinning disk
chamber was filled with 800mL of dextrose spinning buffer. Circular glass coverslips of 25mm
diameter were necessary to match the diameter of the coverslip stage (Figure 5.2). The glass
coverslips were held in place on the stage by suction during the course of testing. After testing
cells were fixed with formaldehyde, 0.1% triton x-100 and stained with ethidium homodimer-1.
The amount of adherent cells was measured with fluorescence microscopy.

5.2.4 Statistical Testing
A one-way ANOVA test using a Bonferroni test was used to evaluate the statistical
significance of the results. Here, significance was determined by p<0.05. Sample sizes were n≥
3.
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5.2.5 AFM Imaging
A Digital Instruments atomic force microscope was used to investigate the surface
morphology of the hydroxyapatite-PLGA films. Measurements were made using the tapping
mode configuration.

Figure 5.1 The spinning disk apparatus setup
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Figure 5.2 The circumference and design of the coverslip stage.
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5.3 Results and Discussion
200nm films were crystallized for 24h to reach near maximum crystallinity. As
mentioned in chapter 3, PLGA films crystallized rapidly and can achieve close to full
crystallinity within 24 hours.

5.3.1 Adhesion Strength Studies
The adhesion strength of MC3T3 cells adhered to 200nm PLGA thin films treated with
hydroxyapatite was tested using the spinning disk apparatus in a dextrose spinning buffer. Prior
to testing the adhesion strength, HAp-PLGA films were heated at temperatures above the glass
transition temperature of the PLGA film (Tg is 59°C). One advantage of annealing the
hydroxyapatite-PLGA films is that it provided an opportunity for the re-arrangement of the
polymer chains into a crystalline structure that may have helped to drive the hydroxyapatite
nanoparticles into the film. In contrast, when the hydroxyapatite-films are thermally erased, there
may not be enough time for chain re-arrangement. This would force the hydroxyapatite
nanoparticles to adapt to the polymer chain entanglement from spin casting since the films are
immediately removed from the oven and sequentially quenched, preventing surface
crystallization from occurring. After HAp-PLGA films finished their heat treatment, MC3T3
cells were adhered to the surface of the films for 24 hours before the adhesion strength test was
performed. It is important to note that MC3T3 adhesion occurred in a static environment to
model the same environment that was used in the degradation studies. In the static environment
design of this present work, there was no dynamic flow rate due to pumps.
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The spin speed required to detach cells from the surface ranged between 5000rpm and
5500rpm. Figures 5.3-5.9 provide a general overview and output of the SigmaPlot graphs that
demonstrate the relationship of adherent cell fraction to shear stress for thermally erased and 24h
annealed crystalline films containing zero HAp to 1:2 HAp. In the SigmaPlot graphs, the
adhesion strength that is required to detach 50% of the cells from the surface is measured at the
adherent fraction of 0.5. It can be observed from these figures, that as the percentage of HAp
increased in the film, there was a shift in the adherent fraction. In figure 5.3, the curve of the
shear stress graph is fitted to sigmoidal line. Thermally erased films and 24h crystalline films
with no HAp and for thermally erased films with 1:4 HAp about 1000-1100 dyne/cm2 of shear
stress was required to completely detach all cells from the film surface (Figure 5.3, 5.4, 5.6-5.7).
In contrast, for both the thermally erased and 24h films, large amounts of shear stress of 1400
dyne/cm2 (thermally erased) and 1200 dyne/cm2 (24h) of shear stress was needed to be applied in
order to completely detach all cells from the surface (figures 5.5, 5.8-5.9). The complete
detachment of all cells from the surface of the film appeared to be more dependent on the
percentage of HAp in the film and its corresponding roughness.

TE films lacking hydroxyapatite were considered the control of the experiment and HAp
treatments were compared against it. Evaluation of the MC3T3 adhesion strength between
crystalline and thermally erased films revealed that there was no statistical difference between
the adhesion strength of the thermally erased films and the 24h crystalline films that contained
no hydroxyapatite. The average adhesion strength of the thermally erased and crystalline films
containing no hydroxyapatite was comparatively at 636 +/-40 dyne/cm2 and 655 +/- 51
dyne/cm2, respectively. Increasing the mass ratio of HAp yielded higher MC3T3 adhesion
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strengths on the PLGA films by 1.5 times (figure 5.10). The adhesion strength increased due to
the introduction or the presence of HAp in the thermally erased films. TE 1:4 and 24h 1:4 were
not statistically different from each other, which indicated that the increase of adhesion strength
was due to the presence of HAp and not due to crystallization. The shorter adhesion time for the
cells on the surface, helped to ensure that the adhesion strength that was measured was
predominately due to changes in roughness and crystallization. If the cells were allowed to be
adhered for a longer time period, it would be expected that the adhesion strength would improve
with longer adhesion time.

5.3.2 Surface Roughness Results
The hydroxyapatite nanoparticles agglomerated in clusters in the 1:4, 1:2 and 1:1 mass
ratios of HAp. Measured using afm, the diameter of the nanoparticles was about 400nm and had
a height of about 20nm. The large nanoparticle diameter was due to clustering of the
nanoparticles and due to the dispersion and miscibility of the nanoparticles in chloroform [146].
Compared to 1:4 HAp, at higher mass ratios there was more nanoparticles covering the surface
area of the film (figure 5.11). Interestingly, the HAp nanoparticles seemed to be integrated into
the crystalline rods, as seen in the 1:4 HAp afm images. Surface roughness was measured at
10µm scan size in order to adequately compare the surface roughness across the different film
treatments. The surface roughness dramatically increased by 9nm for TE films when the lowest
mass of HAp, 1:4, was added. Whereas, the surface roughness of the 24h crystallized films
increased by 6nm with 1:4 HAp (figure 5.12).
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The adhesion strength increased linearly with surface roughness for both the TE and
crystallized films. The adhesion strength of the 24h annealed 1:2 and 1:1 treatment groups were
higher than the 24h no HAp condition, which indicated that the increase in adhesion strength was
due to the presence of HAp (figure 5.13). However, there was a slight reduction in the adhesion
strength of the 24h annealed 1:2 and 1:1 treatment groups when compared to the thermally
erased films. Considering the large deviation in the TE 1:1 treatment group, it can be concluded
that the thermally erased and crystallized films had adhesion strengths fairly similar to each other
in the presence of surface roughness. The results of this present study may also present that
MC3T3 cells prefer the smoother surfaces of the thermally erased films than the rougher surfaces
of the crystallized films. When studying the effects of surface roughness of blends of PDLLA
and PLLA on MC3T3-E1, Simon Jr. et al. saw that there was greater cell proliferation on smooth
areas of PDLLA within a five day period [150].

5.4 Conclusion
The adhesion behavior of MC3T3 osteoblast cells on thermally erased and crystallized
PLGA thin film surfaces was investigated. Hydroxyapatite increased the surface roughness of
both the crystallized and thermally erased films. Regardless, the adhesion strength of both
thermally erased and crystallized thin films significantly improved when hydroxyapatite was
incorporated into the film. Future work should include formulation of smaller hydroxyapatite
nanoparticles and investigation of the adhesion and osteoconductive behavior of the films in
vitro.
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Figure 5.3 The adherent fraction and shear stress plot of thermally erased films with
no hydroxyapatite
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Figure 5.4 The adherent fraction and shear stress plot for thermally erased
films containing 1:4 HAp
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Figure 5.5 The adherent fraction and shear stress of 1:2 HAp thermally erased films
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Figure 5.6 A typical plot for the adherent fraction as a function of shear stress
for 24h crystallized film containing no HAp
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Figure 5.7 A typical plot for the adherent fraction as a function of shear stress
for 24h crystallized film containing 1:4 HAp
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Figure 5.8 A typical plot of the adherent fraction as a function of shear stress for
24h crystallized films containing 1:2 mass ratio of HAp
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Figure 5.9 A typical plot of the adherent fraction as a function of shear stress for 24h
crystallized films containing 1:1 mass ratio of HAp
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Figure 5.10 Adhesion of MC3T3 cells to crystallized and thermally erased hydroxyapatite treated
films
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(a)

(b)

(c)

(d)

(e)

(f)

(g)

(h)

Figure 5.11 Surface morphology of hydroxyapatite-PLGA films. Surface roughness increased with
higher doses of HAp. All images were taken at a scan size of 10µm. (a)TE: no HAp, (b)TE: 1:4 HAp,
(c)TE: 1:2 HAp, (d)TE: 1:1 HAp; (e)24h: no HAp, (f)24h: 1:4 HAp, (g)24h: 1:2 HAp, (h)24h: 1:1
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Figure 5.12 Surface roughness of crystallized and thermally erased
hydroxyapatite treated films
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Figure 5.13 MC3T3 adhesion strength increased with surface roughness

84

Chapter 6: Conclusion and Future Work

6.1 Conclusion
The goal of this dissertation was to determine the viability of using semi-crystalline thin
films as coatings for magnesium-based orthopedic implants. This discussion first began by
characterizing the crystalline behavior of thin PLGA films ranging from 50 to 200nm.
Characterization of the thin films was predominately performed by ellipsometry, differential
scanning calorimetry, atomic force imaging, and x-ray diffraction. Following, crystallization was
used to tune the degradation of the films. Lastly, the adhesion strength of the osteoblast cells on
treated hydroxyapatite crystallized films was evaluated using the spinning disk method. The
results from this dissertation demonstrate that hydroxyapatite crystallized thin films can be used
as surface coatings for resorbable implants.

To summarize, the key findings of this dissertation were:
•

The degree of crystallization shifted the melt temperature by up to 6°C

•

Crystallization occurred rapidly in thin films and 60nm films became fully
crystalline within 24 hours

•

Maximum crystallization was achieved in five days of annealing for thin films
versus the seven days for the bulk

•

The glass transition temperature on heating was found to be independent of
crystallization
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•

The bulk glass transition temperature on heating was found to be dependent on
the heating rate

•

The bulk melt temperature and glass transition temperature were found to be
independent of heating and cooling rate, respectively

•

For films with no sample history, the glass transition temperature was
independent of thickness for films ranging between 50nm-200nm

•

For films with no sample history, the glass transition temperature was found
dependent on thickness for films less than 50nm

•

Thermal expansion occurred volumetrically in one-dimension and reduced with
higher percentages of crystallinity

•

The thermal expansion coefficient was found to be a thickness dependent property

•

Thin crystallized layers form on the thin film surface but remained undetectable
using ellipsometry

•

Surface erosion can be reduced by the presence of crystallization

•

The rate of surface erosion was found to be a thickness dependent rate property

•

Surface roughness was higher on crystallized films and hydroxyapatite increased
surface roughness of both crystallized and thermally erased films

•

Incorporation of hydroxyapatite into PLGA coatings resulted in higher osteoblast
adhesion strengths

•

MC3T3 cells may have nanometer size sensitivity to surface roughness
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6.2 Future work
The present work investigated the influence of surface roughness, crystallization, and
percentage of hydroxyapatite on the adhesion strength of MC3T3-E1 cells to PLGA thin films. It
is also important to determine the bioactivity of the thin film surface. Alkaline phosphatase
activity can be measured to investigate osteogenic differentiation on the film surfaces. The
alkaline phosphatase activity assay is an indicator of osteoblast enzyme activity. To do this,
MC3T3 cells can be cultured on thermally erased and crystallized thin films containing 1:4 and
1:1 HAp. Selection of the 1:4 and 1:1 HAp treatments will provide insight into how
hydroxyapatite stimulates osteogenic activity. MC3T3 cells can be cultured for three days and
seven days to determine initial osteoblast activity on the film surface and osteoblast activity over
a longer time period. By seven days, it is expected that the adhesion strength would improve and
that there would be high osteoblast activity. To carry out the investigation, cells can be scraped
into Tris-HCL and 4-methyl-umbelliferyl-phosphate fluorescent substrate can be added for one
hour. The protein concentration can be measured using a Pierce MicroBCA protein assay kit and
read with a plate reader at 360nm [151, 152].

Furthermore, in light of the discovery of the thin crystallized surface layers in PLGA thin
films, there should be more investigation into the role mobility has in producing crystallized
surface layers during cooling. To investigate the dynamics at the free surface of films, relaxation
time studies should be performed. Studying the relaxation behavior may provide insight into the
time that is required for the films to return to equilibrium under heating and cooling conditions.
Additionally, relaxation times will also provide understanding into the relationship of the
confinement of the molecular chain groups, silicon substrate, and thermal expansivity. The
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relaxation studies should also be coupled with atomic force microscopy imaging in order to
develop a visual and mathematical relationship between mobility and surface morphology. These
studies can also be done in comparison with bulk PLGA so that the deviations between bulk and
thin film behavior can be fully understood.

Future work should also include investigating the dynamic flow behavior of thin films
and the adhesion behavior in a dynamic environment. In a dynamic environment, the adhesion
strength of osteoblast cells to crystallize films can be simulated for conditions pertinent to the
internal body environment. A peristaltic pump can be attached to fluid chamber filled with
simulated body fluid. The pump can be used to provide a flow rate consistent with the flow rate
of blood and other fluids in the body. The dynamic flow chamber can be simultaneously heated
to 37°C to maintain internal body temperature. Films can be prepared at a variety of film
thicknesses and immersed in the dynamic flow chamber. Films can be removed on a weekly
basis, vacuum dried and the dry thickness can be measured. It would also be interesting to
measure the changes to the glass transition temperatures, melt temperature, and thermal
expansion coefficient due to fluid dynamics. Additionally, the pH of the fluid in the dynamic
flow chamber can also be measured weekly to monitor the contribution of acidity and acidic byproducts on the degradation rate.
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6.2.1 Dynamic Flow Modelling
Figure 6.1 illustrates a conceptual design idea for the dynamic flow chamber. The
chamber can be filled with simulated body fluid (SBF) or cell growth medium. The flow rate of
the fluid in the chamber can be controlled by a pump in order to investigate the effects of fluid
flow rate on the degradation behavior of PLGA thin films and magnesium. The temperature of
the chamber can be maintained at 37°C by using a temperature controller and can be changed to
test the effects of temperature on different material properties. The sidewalls of the chamber can
be adjustable, so that the effects of length and pressure gradients can be understood. An
advantage of the flow chamber is that different fluids can be utilized. For cases, where cell
testing is desired, growth media can replace the water or simulated body fluid already in the tank.
The flow chamber can continue to be modified to accomadate for changes in material size,
pressure gradients, and various cell lines.

Dynamic Flow Chamber

SBF/Medium

Q, flow rate

Adjustable
Sidewalls
37°C

Temperature
Controller

Pump
Fluid
Drainage

Figure 6.1 A schematic of a dynamic flow chamber for degradation,
corrosion and cell adhesion testing
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Poiseuille’s law can be modified and used to model the blood flow rate, Q, near skeletal
and bone tissue for laminar flow [153]. Adaptation of this equation can be used to modify the
flow rate in the dynamic chamber and tested for the changes in the pressure gradient. Poiseuille’s
equation will also be helpful in understanding the relationship between dynamic flow,
degradation and corrosion resistance.
𝑄=

𝜋𝑟 4 ∆𝑃
8𝜇𝐿

(6.1)

where r is the blood vessel radius, ΔP is change in pressure, µ is the viscosity of the
liquid and L is blood vessel length.

Modelling of the corrosivity of the magnesium coated implant can be done using Tafel’s
equation and the equation for resistivity [153]. The polarization resistance, Rp, would reflect the
ability of the implant to resist corrosion at varying corrosion currents, Icorr and can be studied
with degradation time.

𝐼 = 𝐼𝑐𝑜𝑟𝑟

𝐸−𝐸𝑐𝑜𝑟𝑟
(10 𝛽𝑎

−

−(𝐸−𝐸𝑐𝑜𝑟𝑟 )
𝛽𝑎
10
)

(6.2)

where, I is the current, Ecorr is the corrosion potential, βa is the anodic Tafel coefficient
and βb is the cathodic Tafel coefficient.

𝑅𝑝,𝐸𝑐𝑜𝑟𝑟 =

(𝛽𝑎 𝛽𝑐 )
𝐼𝑐𝑜𝑟𝑟 (𝛽𝑎 + 𝛽𝑐 )𝑙𝑛10

(6.3)

where, Rp,Ecorr is the polarization resistance when E = Ecorr.
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Furthermore, the dynamic flow chamber can also be used to investigate the role of fluid
dynamics on cell adhesion, proliferation, adhesion strength, and surface roughness on glass
substrates and hydroxyapatite-PLGA coated films. Evaluation of the adhesion behavior of
MC3T3 cells in dynamic flow will also provide insight into the performance of hydroxyapatitePLGA films for in vitro applications. In a static environment, in vitro flow is heavily dominated
by focal adhesion and integrin binding and there is less environmental factors to disturb cell
adhesion. But under dynamic flow, the role of shear stress becomes highly important in order to
determine the success of cell adhesion on the substrate, where a collection of different noncovalent bond types must be utilized to ensure adhesion [130].

Contact angle measurements should be performed to test the resistance of the surface
coating to water. Because of the hydrophobic nature of PLGA, it would be expected that there
would be a high contact angle. Higher degrees of hydrophobicity would result in higher degrees
of the surface to repel water. However, it would also be desirable to have some hydrophilic
properties, so that there can be permeation of hydroxyapatite out of the film. Water repellent
characteristics are important to investigate in order to extend the longevity of the surface coating
and inevitably the internal fixation device.

In the present work ATPES was used to promote better adhesion of the film to the silicon
wafer substrate. Moving forward, it is also important to optimize the adhesion of PLGA thin
films to magnesium-based implants to prevent premature delamination of the films. This could
be done by using stronger binding materials or by surface modification of the magnesium alloy.
Afterwards, the overall degradation rate of magnesium coated with PLGA can be assessed.
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Magnesium can be coated by either spin casting or dip coating and then isothermally
annealed to ensure maximum crystallization of PLGA. Coated magnesium should be tested in
both static and dynamic environments of simulated body fluid at 37°C in order to account for
both the internal body environment and also for the shelf-life of the implants. The surface
morphology, surface roughness, and any evidence of pitting and corrosion of coated magnesium
associated with degradation should be studied using scanning electron microscopy and atomic
force microscopy. The corrosion resistance, mass loss, adhesion strength and osseointegration
can be tested. By doing so, evaluation of the design and degradation of crystallized PLGA
coated magnesium implants, can be optimized for in vitro applications as internal fixation
devices. All this information together can be used to design the film for optimal performance as
a surface coating for magnesium alloys.

One of the challenges of applying the thin films to the magnesium implants is ensuring
that the integrity of the film is maintained. Because the thicknesses of the films are in the range
of 200nm or less, there is a higher risk of the films being sheared and destroyed when being
tapped or screwed into human bone. A crucial component of future applications of thin surface
coatings for orthopedic implants is developing technologies that protect the film during
implantation. One way to protect the films is by improving their mechanical properties, fragility
and toughness, which could be done by modification of end groups, addition of functional
groups, or by utilizing different blends of polymers.
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Another alternative to protecting thin films during implantation is by developing rubbery
films. Rubbery films may be at a lower risk of tearing because they would be less brittle than
rigid films. One way to develop rubbery surface coatings would be by maintaining films above
their glass transition temperature or by chemical modification of the polymer. Another way to
develop rubbery surface coatings is by utilizing thermoresponsive technologies. For example, the
coatings could be maintained in a rubbery state during implantation and after implantation and
adjustment to body temperature, the coatings can transform into a glassy state.

With regards to the orthopedic implant, more work should be done to understand how
surface coatings tune the glass transition temperatures, the melt temperature, and thermal
expansivity of the magnesium material. Understanding the impact that implants have on the
thermal properties of surface coatings is also essential in order to control their degradation rate.
The release of magnesium ions through the thin films may not only alter the morphology, but
also the glass transition temperature and the ability of the film to maintain its crystallinity
structure throughout the degradation process. In order to investigate this, magnesium
nanoparticles can be incorporated into the thin film, crystallized at 100°C and immersed in
simulated body fluid. The glass transition temperature and the quantity of magnesium
nanoparticles that leach out of the films can be studied over an extended period of time.
Furthermore, this study can be coupled with adhesion strength and osteoblast differentiation
studies to understand the impact of magnesium ions on MC3T3 cells.
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6.2.2 Resorbable Implant Product Concept
In light of the profound discovery in this dissertation, it is possible to develop a product
concept for potential magnesium internal fixation devices. The model proposed here is in the
form of a screw. A screw was chosen because screws are commonly used in several bone break
and fracture procedures. The findings of this dissertation are key in developing this concept
model, where tuning the degradation time is primarily controlled by changing the thickness and
crystallinity of the thin films. For example, we were able to demonstrate that there were no
indications of surface erosion within six weeks for crystallized films and that erosion is thickness
dependent. This finding is crucial because the average healing and recovery rate for a broken or
fractured bone is between six to eight weeks. The healing time for fracture bonds may
correspond nicely with the erosion rate for future thin film PLGA films. Furthermore, the cell
adhesion results suggest that there will be osteoblast recruitment and adherence to the injury site,
due to hydroxyapatite, which would help to stimulate bone regeneration.

The high glass transition temperature of the PLGA films of 58°C +/- 2°C is advantageous
for medical device applications. For example, because both Tg,h and Tg,c are above body
temperature, 37°C, there is less worry about the film transitioning between the glassy and
rubbery state. Additionally, because the melt temperature is 140°C, which is over 100°C above
body temperature, the films will remain intact and not melt, nor will they crystallize due to
evaluated body temperature for cases of increased body temperature due to fever, infection,
inflammation where temperatures average about 38°C.
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Therefore, the following degradation model was developed. The magnesium screw was
designed to be a Cortex self-tapping and nonself-tapping, fully-threaded screw with a 3.5mm
diameter, and 10mm in length because they are common sizes for orthopedic screws. Cortex
screws are generally used in diaphyseal bone [154, 155]. The outer layer of the screw is a
crystallized ultrathin layer of PLGA that has hydroxyapatite incorporated into the film. The inner
layer is the bulk magnesium implant. Because of the drug delivery capabilities of PLGA, it may
be advantageous to develop a controlled release of HAp out of the thin film to increase the
promotion of osteoblast recruitment, while also including an inflammation inhibitor to mitigate
the immune response and reduce the chances of infection and inflammation due to implant
insertion. The magnesium itself can also be modified to have time-release degradation properties.

Next, we propose four crucial stages for hydroxyapatite-PLGA surface coatings for
magnesium orthopedic screws used in bone fractures and breaks. Stage I involves the recruitment
and initial adhesion of osteoblast cells to the implant and injury site at the initial time of device
implantation. The presence of hydroxyapatite in the film and a controlled release of HAp out of
the film should stimulate and help to increase the adhesion strength of the osteoblast cells.
Incorporation of inflammatory inhibitors will also help mitigate increased risks of infection.
Stage II involves the surface erosion of the hydroxyapatite-PLGA layer over a period of six
weeks. Stage III involves surface erosion of the hydroxyapatite-PLGA layer from week six to
week twelve. At this point, it is possible that 50-80% of the hydroxyapatite-PLGA layer will be
eroded.
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During stage I to III, it is assumed that they hydroxyapatite-PLGA remains relatively
hydrophobic to repel water and prevent water penetration to the magnesium material itself. Also,
during stage I to III, it is expected that bone regeneration is occurring and there is healing of the
broken or fractured bone. Stage IV involves the total breakdown of the magnesium device. At
this point of time, it is expected that the bone has completely healed, and that the internal
fixation device is no longer needed. Fortunately, since magnesium has a rapid degradation rate
upon exposure to water, it can be assumed that there will be controlled breakdown of magnesium
and the body will resorb the magnesium ions in the small intestine.
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